Our objective is to perform a comprehensive experimental and numerical analysis of the short-pulse laser interaction with a tissue medium with the goal of tumor-cancer diagnostics. For a short-pulse laser source, the shape of the output signal is a function of the optical properties of the medium, and hence the scattered temporal optical signal helps in understanding the medium characteristics. Initially experiments are performed on tissue phantoms embedded with inhomogeneities to optimize the time-resolved optical detection scheme. Both the temporal and the spatial profiles of the scattered reflected and transmitted optical signals are compared with the numerical modeling results obtained by solving the transient radiative transport equation using the discrete ordinates technique. Next experiments are performed on in vitro rat tissue samples to characterize the interaction of light with skin layers and to validate the time-varying optical signatures with the numerical model. The numerical modeling results and the experimental measurements are in excellent agreement for the different parameters studied. The final step is to perform in vivo imaging of anesthetized rats with tumor-promoting agents injected inside skin tissues and of an anesthetized mouse with mammary tumors to demonstrate the feasibility of the technique for detecting tumors in an animal model.
Introduction
The use of light for the probing and imaging of biological tissue media offers the promise for safe, noninvasive, and inexpensive clinical imaging modalities with diagnostic ability. The detection of early neoplastic changes is important from an outcome viewpoint, since once invasive carcinoma and metastases have occurred, treatment is difficult. At present, excisional biopsy followed by histology is considered to be one of the "gold standards" for the diagnosis of early neoplastic changes and carcinoma. In some cases, cytology rather than excisional biopsy is performed. These techniques are powerful diagnostic tools because they provide high-resolution spatial and morphological information of the cellular and subcellular structures of tissues. The use of staining and processing can enhance contrast and specificity of histopathology. However, both of these diagnostic procedures require the physical removal of specimens followed by tissue processing in the laboratory. As such, these procedures incur a relatively high cost because specimen handling is required, and more importantly diagnostic information is not available in real time. Moreover, in the context of detecting early neoplastic changes, both excisional biopsy and cytology can have unacceptable false negative rates often arising from sampling errors. Therefore optical imaging techniques have gained popularity for medical diagnostics.
Currently used optical diagnostic technologies can be broadly classified into two categories: namely, point measurement for spectroscopic diagnostics and optical imaging, often referred to as optical tomography aimed at recording a 2D or 3D image of an area or volume of the sample of interest. Spectroscopic diagnostics all share the common feature that they measure some spectroscopic properties that are related to the molecular composition and structure of biochemical species in the tissue of interest. There are several spectroscopic methods that are used for optical diagnostics: fluorescence, elastic scattering, Raman (inelastic scattering), infrared absorption, etc. For example, a number of investigators have investigated point-detection methods such as laserinduced fluorescence (LIF) to discriminate tumors from normal tissues. [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] Various aspects of LIF techniques in imaging and point-measurement systems for cancer diagnosis have been recently reviewed. 12 The potential of optical tomography as a new diagnostic tool has stimulated considerable interest since the past decade. [13] [14] [15] [16] [17] [18] [19] Although limited to about the first 5 cm of the body, the technique offers several advantages often not available in established imaging modalities such as ultrasound, x-ray computed tomography, and magnetic resonance imaging (MRI). [20] [21] [22] Two basic measurement methodologies are used for imaging: (i) frequency-domain methods that employ harmonically modulated photon density waves and phase-resolved detection, which measure the phase shift of the photon density waves and (ii) timedomain methods that use pulsed excitation and ultrafast detectors to examine the response of tissue to a short pulse of incident light. For frequency-domain measurements, most experimental work performed so far has utilized frequencies of a few hundred megahertz, which is equivalent to a temporal resolution of a few nanoseconds, and photon density wavelengths of the order of a meter. [23] [24] [25] It has been reported in the literature that there is a need for high-modulation frequencies to obtain images with high resolution when imaging tissues having particularly lowaverage absorption and high-scattering coefficients. 26 Time-domain optical imaging using short-pulse lasers has developed as a powerful tool in medical diagnostics. This technique presents several advantages over other conventional cw imaging techniques. Short-pulse laser probing techniques for diagnostics have distinct advantages over very large pulse width or continuous wave lasers primarily due to the additional information conveyed by the temporal distribution of the observed signal. 15, 16, 27, 28 The distinct feature is the multiple-scattering-induced temporal distributions, which persists for a time period greater than the duration of the source pulse and is a function of the source pulse width as well as the optical properties of the medium. If the detection is carried out at the same short time scale (comparable to the order of the pulse width), the signal continues to be observed even for long times after the pulse has been off due to the time taken for the photons to migrate to the detector after multiple scattering in the media. Therefore detectors with high-temporal resolution are required to collect the scattered reflected and transmitted photons.
Time-domain optical imaging can again be broadly classified into two types, namely, time-gating and time-resolved measurements. A time-gated technique uses the ballistic photons for image reconstruction. 29 -33 Experiments have demonstrated that measurements of the earliest arriving photons, which have traveled the shortest paths between the source and the detector, can be used to generate images with significantly improved spatial resolution. However, the scarcity of photons with the shortest path lengths especially for optically thick tissue media limits the spatial resolution that the time-gating method is able to achieve. 34 To overcome the scarcity of photons in time-gating, time-resolved measurements that use a diffuse component of the photons for image reconstruction have been used by many groups. 15, 16, 31, [35] [36] [37] [38] [39] [40] Time-resolved techniques improve the localization and characterization of the inhomogeneities as information on the path length of each photon becomes available. Inhomogeneities differing from the surrounding tissue in terms of optical properties have a different influence on the distribution of the times of flight of photons. The temporal shape of the measured optical signals provides detailed information about medium characteristics including the presence of inhomogeneities and tumors.
To predict the optical properties of tissues from time-resolved scattered optical signal measurements, the development of an inverse algorithm is required. Before the development of complex inverse algorithms, accurate forward solutions of a transient radiative transport equation necessary to analyze short-pulse laser propagation through tissues are critical. In the most previous analysis, the transient term of the radiative transport equation (RTE) is usually neglected. The simulation of the transient radiation transport process is more complicated than the traditional steady-state analysis due to the hyperbolic wave nature of the equation coupled with the in-scattering integral term making it an integrodifferential equation. 27, 28 Diffusion approximation has been commonly used in the literature for solving the transient RTE for analyzing short-pulse laser propagation through tissue media. 27, 31, 41, 42 But time-resolved experiments on tissues have shown that diffusion-based analyses are accurate for thick samples but fail to match experimental data for sample thicknesses comparable to the mean free path. 29 Monte Carlo simulation results are found to match the experimental measurements on tissue phantoms, but diffusion theory failed to accurately predict the scattering coefficient. 43 A detailed discussion of the validity of the diffusion in bio-optical imaging is also provided in the literature, and it has been pointed out that diffusion approximations have a limitation that should not be ignored. 44 Recently more accurate solutions of transient RTE have been obtained using other techniques such as the discrete ordinates method (DOM), [45] [46] [47] Monte Carlo simulation, 48, 49 reverse Monte Carlo solution, 50 integral transfer technique, 51, 52 radiation element method, 53 and the discrete transfer method. 54 Only a few studies have been devoted to multidimensional problems such as a diffusion-based 3D model 55 and for phantoms containing inhomogeneities such as using time-offlight measurements. 18 Among all the methods, DOM is computationally inexpensive and is memory efficient as compared to the other numerical schemes. It offers the best compromise between accuracy and computational time. There is no restriction on the optical thickness and scattering albedo variations while using DOM. Most of these previous studies have not compared the numerical modeling results with the experimental measurements.
To compare the experimental measurements with the numerical modeling results, there is a need to develop accurate solutions for the transient radiative transport equation in 2D and 3D geometry. Very few studies have been reported in the literature regarding the validation of experimental measurements with that obtained from the numerical models. Besides the model validation of experimental measurements for most of the previous work has been primarily restricted to homogenous samples. 36, 56, 57 Moreover, validation of experimental measurements for tissue phantoms containing inhomogeneities reported in the literature has been performed using a diffusion-based model. 16, 34, 58 Authors of this group have validated the experimental measurements of transmitted signals for tissue phantoms with inhomogeneities embedded in them with solutions of the RTE obtained using DOM. 40 More studies are necessary for the validation of the forward model of the RTE with experimental measurements for the determination of tissue optical properties. Moreover, the measurement of the transmitted optical signals is not practical for imaging internal organs such as the brain, the lungs, the kidneys, etc. for cancer-tumor detection. Hence there is a need for the measurement and validation of both the reflected and the transmitted scattered optical signals from a tissue phantom containing inhomogeneities.
Small animal imaging systems have received increasing attention over the past decade. The interest is motivated by advances in animal models of human diseases, and the possibility to noninvasively monitor the progression of diseases in living small animals. Different imaging techniques such as confocal imaging, 59 single-photon emission tomography, 60 MRI imaging, 61, 62 fluorescence imaging, 63 and cw optical tomography 62 have been used for the detection of tumors in small animals. However, very few studies have been reported on time-domain optical imaging of animals. The goal of this paper will be to demonstrate the feasibility of using the time-resolved optical tomography system using a short-pulse laser for the detection of tumors in mice and rats.
A fiber-optic system is used for the laser incidence as well as for the collection of scattered reflected and transmitted optical signals from the samples. The fiber-optic probe assembly mounted on a three-axis translation stage is used to scan any tissue area and is connected to a computerized data acquisition system. The measured optical signals from the scanned area are directly fed into National Instrument's LABVIEW 7.1 software to view the 3D distribution of the intensity distribution in real time. The advantages of using a fiber-optic approach are the hightransmission efficiency of fiber optics, and the fact that light can easily be transmitted to remote locations for imaging of internal organs inside the body.
In this paper, the first experimental measurements of both the scattered reflected and the transmitted signals are validated with the numerical modeling results obtained by solving the RTE using the DOM for tissue phantoms containing inhomogeneities. Experiments are next performed on freshly excised rat tissue samples, and the measured reflected optical signal measurements are also validated with the numerical modeling results. To the best of our knowledge, this would be the first time that experimental validation of the optical signal measurements using numerical models has been performed on animal tissue samples. Experiments are finally performed on anesthetized rats with tumor-promoting agents applied on the skin, as well as injected below the skin surface, and also on anesthetized mice with mammary tumors to analyze their effect on optical signals.
The goal is to demonstrate the feasibility of using a time-resolved optical tomography system for the detection of tumors in an animal model.
Sample Preparation
Initial experiments are performed to study the interaction of a short-pulse laser with tissue phantoms for the detection of inhomogeneities with the aim of optimizing the time-resolved optical tomography detection scheme. Experiments are next performed on freshly excised mouse and rat tissue samples to characterize the tissue response to a short-pulse laser source. Finally, experiments are performed on the anesthetized rats having mammary tumors and as well as tumor-promoting agents injected on and below the skin surface to demonstrate the feasibility of using a time-resolved optical tomography system for the detection of tumors in an animal model.
A. Tissue Phantom Preparation
A typical tissue phantom used in this study as shown in Fig. 1 has dimensions of 50 mm (width, W) ϫ 25 mm (height, H) ϫ 8 mm (thickness, L). The tissue phantoms are made of an Araldite 502 embedding medium. Araldite 502 resin is polymerized with dodecenyl succinic anhydride (DDSA) and catalyzed with 2,4,6-tri phenol (DMP-30) in the volumetric ratio of 1:0.85:0.04. The samples are cured overnight at 35°C, the next day at 45°C, then again overnight at 60°C. The refractive index of the resin is 1.54. Titanium dioxide ͑TiO 2 ͒ having a mean diameter ϭ 0.3 m is added as a scatterer to the resin base and India ink is used as an absorber. The scattering and absorption coefficients are varied by varying the concentration of the TiO 2 and India ink in the resin matrix. 40, 64 The tissue phantoms are cast in aluminum molds. The tissue phantom has a strong adhesion property to aluminum as well as to other metals. Silicon-based mold release agents with crytox are sprayed on the molds before the phantom is cast, which facilitates the easy removal of the samples after they are cast.
Inhomogeneities typically of a 4 mm diameter are drilled in the center of the samples. For some experiments, inhomogeneities are drilled off axis away from the center. The drilled holes are filled with different scattering coefficients other than the base tissue matrix and again cured in the oven for a day.
B. Animal Tissue Preparation
Freshly excised rat tissue samples are obtained from the Wistar rat of the Alvino trait. Tissue samples are cut in such a way that either skin or skin and muscle combined are obtained to study the effect of different layers. The rat skin layers are typically 3 mm thick, while the tissue samples with combined skin and muscle layers are typically 8 mm thick. A typical cross section of the tissue samples used is 30 mm ϫ 20 mm.
C. Injection of Tumor-Promoting Agents in Rats
Experiments are next performed on an anesthetized rat with tumor-promoting agents injected on the skin surface as well as below the skin surface. Studies are performed on rats that are anesthetized with ketamine hydrochloride (Ketaset, Ft. Dodge Laboratories, Ft. Dodge, Iowa), administered intraperitoneally at 150 mg͞kg. The tumor diameter is around 2 mm. For the case of tumor-promoting agents injected below the surface, the depth at which the tumor is injected is unknown, and the goal is to detect the location and depth of the tumor using time-resolved measurement techniques. The animals are kept under controlled conditions of temperature and humidity. After the completion of the experiments, the rats are allowed to recover from the effects of the anesthesia before being introduced to the animal colony.
D. Mice with Mammary Tumors
Mice used in this study, strain FVB͞N-Tg(MMTVneu)202Mul͞J, are purchased from the Jackson Lab- oratory, Bar Harbor, Maine. These mice contain the mouse mammary tumor virus (MMTVneu) transgene, expressed in the mammary tissues, salivary glands, and lungs. Mice are purchased as retired breeders containing focal metastatic tumors in the mammary glands. The mice are anesthetized in the same way as the rats mentioned in Subsection 2.C. Animals are allowed to fully recover before being reintroduced to the animal colony; no signs of stress have been observed before, during, or after the experimental procedures. All animal experimental procedures are approved by Florida Tech's Institutional Animal Care and Use Committee.
Experimental Setup
The schematic of the experimental setup for the measurement of the scattered reflected optical signals for the case of the imaging of rats with mammary tumors is shown in Fig. 2 . The schematic of the setup for the measurements of the transmitted optical signal is not presented here and can be found in the literature. 40 A mode-locked short-pulse laser operating at a wavelength of 514 nm with a temporal pulse width ͑t p ͒ of 200 ps, and a repetition rate of 76 MHz is used for the study. The laser beam is first incident on a plate-type beam splitter. The first beam splitter divides the emitted laser beam into two parts in the ratio of 9:1. The part having 10% of the main laser beam is passed through a delay generating prism and is fed into the Hamamatsu streak camera unit (C 1587) for observing the raw pulse as a reference. A second beam splitter further splits the beam with 90% of the main laser beam energy into two parts again in the ratio of 9:1. The beam with 90% energy of the split beam is focused onto the excitation end of a fiber-optic probe and is then transmitted to the distal end where it illuminates the samples. The beam with 10% energy of the split beam is further split by a third beam splitter in the ratio of 9:1. The beam with 90% energy of the split beam is used to monitor the pulse width of the incident beam using an 18.5 ps ultrafast photodetector (New-focus, Model 1954). The output of the detector is measured on the Tektronix (7854) oscilloscope with sampling modules. The beam with 10% of the energy of the split beam is used to monitor the power of the laser beam incident on the sample using appropriate calibration.
To feed the laser light into the fibers for the precise and efficient delivery of light to the samples, various focusing elements such as lenses, mirrors, and collimators are used. The scattered reflected and transmitted optical signals from the samples collected using the fiber-optic probe is fed into the same Hamamatsu streak camera. A fiber-optic source detector bundle assembly, as shown in Fig. 1 , is used for the experiments. In this fiber-optic assembly, the fiber at the center acts as the source to deliver the laser light to the desired region and the fibers around the source fiber are used as collectors to capture the reflected or the transmitted signals from the sample. The probe assembly is mounted on a three-axis vertical translation stage. The average power incident on the sample is of the order of 12-15 mW. Hence attenuators are used to reduce the incident power on the samples as required so as not to saturate the streak camera. The fiber used in the study is a 1 m long multimode fiber with a core diameter of 62. 
Numerical Modeling
In this paper, the tissue medium is approximated by an anisotropically scattering and absorbing rectangular enclosure in which an inhomogeneity is embed- ded (see Fig. 1 
where I is the scattered diffuse intensity ͑W m Ϫ2 sr
Ϫ1
͒, k e and k s are the extinction coefficient and the scattering coefficient, respectively, ⌽ is the phase function, ⍀ is the solid angle, c is the velocity of light in the medium, x and y are the spatial coordinates, t is the time, and S is the source term. The pulsed radiation incident on the tissue medium (see Fig. 1 ) is a Gaussian pulse having a temporal duration (pulse width) t p at FWHM. The total intensity can be separated into a collimated component, corresponding to the incident source pulse and a scattered intensity I as described by Eq.
(1). The source function S in Eq. (1) is due to the collimated component of the irradiation.
Numerical results have been obtained by solving Eq. (1) using the discrete ordinate method as described in detail in the Mitra and Kumar 45 previous papers of and Sakami et al. 46 and is not repeated here. The computational time is about 180 s on a LINUX workstation with a 3.2 GHz CPU for 80 discrete ordinates quadratures. Spatial grid size of 0.5 mm and temporal grid size of 0.5 ps are used in the simulations. The accuracy of the numerical results is validated by ensuring that the results are independent of the grid sizes. The sample height is very large compared to the beam diameter, and hence, a 2D transient radiative transfer model is applied. Results obtained using numerical simulations are compared with the corresponding reflected and transmitted optical signals measured experimentally.
Results and Discussion
Experiments are first performed on homogeneous tissue phantoms and tissue phantoms containing inhomogeneities to optimize the time-resolved optical tomography system. Scattered optical reflected and transmitted signal measurements are validated with the numerical modeling results. Next, experiments are performed on in vitro tissue samples to characterize the optical signatures from real tissues and to compare the experimental measurements with the numerical modeling results. Finally, in vivo experiments are performed in live anesthetized rats with tumor-promoting agents applied on the skin surface and injected below the skin surface and as well as in live anesthetized mouse with mammary tumors to demonstrate the feasibility of using this technique for tumor detection in an animal model.
A. Experiments with Tissue Phantoms and Numerical Model Validation
In Fig. 3 , the normalized transmitted signals are compared between a homogenous tissue phantom and that of a phantom containing an inhomogeneity at the center having different scattering coefficients. For the homogenous tissue phantom, the values of the scattering coefficient ͑k s ͒ and the absorption coefficient ͑k a ͒ used are 10 and 0.05 mm
Ϫ1
, respectively. 65 The thickness (L) of the tissue phantoms for all the cases is 8 mm. For the tissue phantom containing inhomogeneity, the optical properties of the base tissue phantom is the same as that for the homogenous phantom while two different values of scattering coefficients of the inhomogeneity ͑k si ͒ are used: 20 and 40 mm
. The absorption coefficient of the inhomogeneity ͑k ai ͒ is equal to 0.005 mm
. There is very good agreement between the numerical modeling results and the experimental measurements with a little separation in the tail section. This separation can be attributed to the fact that as the scattering coefficient is increased, the photons suffer random scattering and persist inside the medium for a longer time resulting in very few photons leaving the medium. However, since in this technique the amplitude and the pulse width at the FWHM are most important, the mismatch between the experimental measurements and the numerical results at the tail of the pulse does not produce a significant loss of information regarding the tissue interior. It is observed that with the increase in the scattering coefficient of the inhomogeneity, the temporal broadening of the output transmitted pulse ͑t bp ͒ increases. A higherscattering coefficient increases the optical depth of the medium, and as a result, the transmitted photons take a longer time to reach the detector that is manifested in the higher temporal broadening of the transmitted optical signal. Figure 4 shows the comparison of the normalized reflected signals between a homogenous tissue phantom and the tissue phantom containing an inhomoegneity at the center for differ- . With the increase in the absorption coefficient of the inhomogeneity, a greater number of photons is absorbed within the medium. This results in a greater attenuation of the incident light, and as a result, the total temporal broadening of the reflected pulse reduces with an increase in the absorption coefficient. For both Figs. 3 and 4 , there is also a change in the magnitude of the intensity values, but this effect is masked due to the normalization of the signals. Figures 5 and 6 show the spatial transmitted and reflected intensity distributions for the tissue phantom containing an inhomogeneity at different times. It is observed that for very long and for very short times, the transmitted and reflected signals do not provide the contrast for the inhomogeneity location. For long times, a majority of the photons are lost, while for shorter times, very few photons reach the detector. The optical signals measured very close to the edge of the phantom showed fluctuations due to the boundary effects, and hence are not considered. At the time instant of approximately 325 ps, the distinction between the inhomogeneity location and the surrounding base tissue is best observed. Therefore a selection of an appropriate time window is critical for the maximum contrast between the tissue phantom and the inhomogeneity. Figure 7 shows the comparison between the numerical modeling results and the experimentally measured transmitted and reflected signals for the best time instant of 325 ps as presented in Figs. 5 and 6. A very good match is observed between the experimental measurements and the numerical modeling results. The transmitted and reflected signals show an opposite trend. While the reflected intensity is highest at the location of the inhomogeneity, the transmitted intensity is lowest at that location. Since the inhomogeneity has a higher scattering coefficient compared to the surrounding base tissue, a larger number of incident photons get scattered and come back to the detector compared to those from the homogeneous base tissue region during the reflection measurement. Hence the spatial reflected signal shows a peak at the inhomogeneity location. As a large number of photons gets scattered, only a few photons penetrate the phantom thickness and reach the detector during the transmission measurement compared to the measurement from the base tissue region. This results in a deep trough in the spatial profile of the transmitted signal at the inhomogeneity site. Figure 8 shows the comparison of the reflected and the transmitted intensities for the case of a tissue phantom containing two inhomogeneities. For this case, two inhomogeneities of 4 mm are drilled inside the tissue phantom equidistant from the central axis. The scattering coefficients of the two inhomogeneities ͑k si ͒ are 20 and 10 mm Ϫ1 , whereas the absorption coefficient ͑k ai ͒ is kept the same and equal to 0.005 mm
. The results are presented for 330 ps as the time instant selected corresponds to the best contrast between the tissue phantom and the inhomogeneity. Experiments are also performed at other times but have not been presented here for the sake of brevity. Since the first inhomogeneity has a higher scattering coefficient compared to the surrounding base tissue region, a greater number of photons are reflected back to the detector, and hence the reflected intensity at the first inhomogeneity location is higher in magnitude. At the same time, a decrease in the transmitted signal occurs at the first inhomogeneity location as only a few photons penetrate the phantom thickness and reach the detector. As the second inhomogeneity has the same scattering coefficient but a lower absorption coefficient compared to the base tissue, less number of photons are absorbed at this inhomogeneity location, and a considerable number of photons reach the detector during both reflection and transmission measurements resulting in an increase in signal magnitude for both cases.
B. In Vitro Experiments on Tissue Samples and Numerical Model Validation
An analysis of the laser-tissue interaction characteristics is necessary to obtain information about the variation of the tissue optical properties with depth. The variation of the tissue optical properties in different tissue layers can be used to monitor the progression of diseases by measuring the signal origin and the intensity. Therefore as a first step it is necessary to analyze laser interaction with healthy tissue layers to calibrate the system parameters. Tissue can be modeled primarily as having two main layers: epithelium composed of several layers of epithelial cells and stroma consisting mostly of extracellular matrix proteins and blood vessels. Therefore once the time-resolved optical detection scheme has been optimized with experiments on tissue phantoms, in vitro experiments are next performed on freshly excised rat tissue samples to characterize the optical signatures from these samples. Temporal optical signatures from rat skin and muscle samples are compared with the numerical modeling results. Figure 9 shows the normalized reflected signals for the freshly excised rat skin sample and as well the rat skin and muscle combined sample. The optical properties of the rat skin and muscle are obtained from the literature. 66, 67 The skin and muscle combined sample is thicker as compared to a skin-only sample. As a result, the photons encounter more multiple scattering reaching the detector while traveling through the combined skin and muscle sample than through the skin sample. This results in a higher temporal broadening of the reflected optical signals from the skin and muscle combined compared to the reflected optical signals from the skin only sample for the same incident power. The random scattering inside the muscle causes a diffuse spreading of light over a large volume. Greater optical thickness also results in a greater attenuation of the incident light.
C. Experiments on Rats with Injection of Tumor-Promoting Agents
The next step is to conduct experiments on anesthetized rats with tumor-promoting agents applied on the skin surface as well as injected below the skin surface. For the case of tumor-promoting agents injected below the skin surface, the depth of the tumor from the surface is unknown, and the goal is to detect the exact location and depth of the tumor from the surface using time-resolved measurement techniques. A schematic of the rat with a tumor location is shown in Fig. 10 . Figure 11 gives us a quantitative idea about the depth at which the tumor is located below the skin surface. It is observed from Fig. 11 that the reflected intensity has the highest magnitude for a rat with no tumor-promoting agent injected, since the tumor has a higher absorption than the healthy tissue. Therefore the reflected signal is significantly attenuated for the case of the tumorpromoting agent applied on the skin surface and injected below the skin surface. The key feature in this figure is the peak separation of 15 ps between the reflected signals from the tumor located below the skin and from the tumor located on the skin surface. The additional time taken by the reflected photons from the tumor on the surface to reach the detector compared to the photons reflected from the tumor located below the skin surface is 15 ps. With the tumor-promoting agent on the skin surface, the majority of the photons are absorbed and very few are reflected, while for the tumor-promoting materials injected below the skin surface, more photons are reflected from the skin surface and relatively few Figure 12 shows the spatial profiles of the reflected intensity at a particular time for the tumorpromoting agents applied to the surface and as well as injected below the surface of the skin. It is observed that the reflected signals have the lowest intensity magnitude at the location of the tumor, while it increases away from the tumor site. Since tumors have a higher absorption coefficient due to an increased blood supply, it results in more absorption of photons at the tumor site compared to the surrounding healthy tissue. Therefore a reduction of the reflected intensity magnitude is observed at the tumor location.
D. Experiments on Mice with Mammary Tumors
Finally, experiments are performed on mice, with one or multiple mammary tumors; the mice are purchased from Jackson Laboratories. An area on and around both sides of the mammary tumor is scanned as shown in Fig. 13 , and the scattered reflected optical signals are collected at a regular finite interval of 0.05 mm. Figure 14 shows the comparison of the reflected optical signals at different fiber-optic probe positions with respect to the tumor location. The fiber probe is scanned over a total length AB, and the scattered reflected signals are measured at specific points on both sides of the tumor as shown in Fig. 13 using a three-axis motorized translational stage connected to a computerized data acquisition system. It is observed that the reflected intensity is lowest in magnitude at point 0, which is the location of the tumor because tumors have higher absorbing coefficients than the surrounding healthy tissue due to increased blood flow. The magnitude of the reflected intensity increases as one moves further away from the tumor center as clearly evident from Fig. 14. Figure 15 shows the spatial profiles of the reflected intensity at different times for a mouse with two mammary tumors. As demonstrated in Subsection 5.A. in the phantom studies that the location of the tumor is best manifested within a certain time window; for this case, it corresponds to approximately 465 ps. For very short and long times, the demarcation between the tumor site and the surrounding healthy tissue is not very well pronounced as evident from Fig. 15 .
A better understanding of the tumor size and location can be visualized by the pixel representation of the reflected intensities as shown in Fig. 16(a) (for the case of a mouse with no tumor) and in Fig. 17(a) (for the case of a mouse with two tumors). The reflected intensities are normalized with respect to their peak values, and a pixel distribution of the intensities is obtained on a scale from 0 to 1. A pixel value of 0 implies that the entire incident light is absorbed, while a pixel value of 1 implies that the entire incident light is reflected. In this pixel representation, linear interpolation of pixel values has been performed between any two pixels using a LABVIEW image processing program. The size of the tumors is 5 mm each as actually measured and is shown in Fig.  17(a) . It is also observed that there exists a transition zone between the normal tissue region and the tumor region. The corresponding 3D distribution showing the variation of the reflected intensity with space and time for both cases is presented in Figs. 16(b) and  17(b) , which demonstrate the efficacy of the timeresolved optical tomography system for tumor detection in an animal model.
Conclusion
In this work, an extensive analysis has been performed to investigate the interaction of light with tissues with the goal of tumor detection. The experimental measurements for the case of various types of tissue phantoms and freshly excised tissue samples are in excellent agreement with the numerical modeling results. By the parametric variation of the scattering and absorption properties of the embedded inhomogeneity inside the tissue phantom, it is possible to characterize the propagation of light under various structural and physiological conditions of tissues and extract pertinent information about them. Temporal profiles of the optical signals help in providing information about the tissue optical properties, while the spatial profile at a particular time window helps in locating the tumor and͞or the inhomogeneity location. In the time-resolved detection technique, the selection of an appropriate time window is critical for identifying the inhomogeneity embedded inside the tissue medium. It is observed from the time-resolved optical signal measurements in rats that one can predict the precise size, location of the tumor, and also the depth at which the tumor is located below the skin surface. This technique is also found to provide a highercontrast image quality than the conventional imaging techniques. Results obtained from the experiments performed on a live anesthetized mouse with mammary tumors demonstrate that the time-resolved optical tomography system developed for the study of tumor detection is a clear promising alternative technique for minimally invasive diagnostics. The temporal and spatial signature of measured, transmitted, and reflected signals is able to provide a difference in the optical characteristics of the tumor region compared to the surrounding healthy tissue region from which a high-contrast image reconstruction of the interior of the tissues containing subsurface tumors is possible. Hence time-resolved optical tomography can be developed for the potential use in real-time medical diagnostics. This research can be furthered to detect tumors using the technique in organs located deep inside the body, such as the lungs, by inserting a specially designed fiber-optic probe assembly in the biopsy channel of a bronchoscope during a routine analysis. 
